1. Introduction {#S1}
===============

A growing body of literature shows that cell fate can be dictated by the stiffness and topographical characteristics of the extracellular matrix (ECM). The ECM, which is constructed from diverse, nanometer-sized biomacromolecules including collagen, elastin, and fibronectin \[[@R1]\], often displays topography at nanoscales, as shown in [Fig. 1(a)](#F1){ref-type="fig"} \[[@R2]--[@R8]\]. For example, collagen fibers, being several microns in diameter, are hierarchically structured from collagen fibrils of 10--300 nm in diameter \[[@R9],[@R10]\]. The lung interstitial matrix displays an interrelated framework of nanoscale fibrous collagen and elastin proteins \[[@R8],[@R11]\]. Depending on the composition of the ECM as well as on interstitial fluids \[[@R12]\], the ECM exhibits various degrees of stiffness, as shown in [Fig. 1(b)](#F1){ref-type="fig"} \[[@R13]--[@R15]\]. The biophysical (stiffness and nanotopographical) cues, in concert with the spatiotemporally arranged biochemical and biomechanical cues, regulate cell phenotype and function.

The stiffness and nanotopographical characteristics of the ECM influence numerous developmental, physiological, and pathological processes *in vivo* \[[@R16]--[@R20]\]. For example, tissue stiffness can be altered by the disease state. The stiffness of mammary tissue increases from \~1 kPa in its normal condition to \~4 kPa during breast cancer \[[@R21]\]. Lung stiffness is lower in emphysema \[[@R22]\], but higher in fibrotic tissues than in the normal condition \[[@R23],[@R24]\]. Moreover, fibroblasts respond to increases in matrix stiffness with promoted proliferation and collagen synthesis; the induced ECM stiffening can further promote, amplify, and perpetuate fibrosis via a positive feedback loop \[[@R24],[@R25]\].

Biophysical cues have therefore been applied to modulate almost all aspects of cell behavior \[[@R26]\]. Since the first report in 1997 \[[@R27]\], emerging compelling evidence has shown that substrate stiffness plays important roles in cell modulation and many biological processes \[[@R27]--[@R32]\]. For example, C2C12 mouse myoblasts exhibit definitive actomyosin striations only on polyacrylamide (PAAm) gels with a stiffness that is typical of normal muscle, but not on softer gel or stiffer glass substrate \[[@R33]\]. Furthermore, the neurogenic, myogenic, and osteogenic differentiation of human mesenchymal stem cells (hMSCs) can be facilitated by PAAm gels with stiffnesses matching those of brain, muscle, and collagenous bone, respectively \[[@R28]\]. Meanwhile, a large body of literature underscores the phenomenon that cellular responses are highly sensitive to nanotopography \[[@R34]--[@R39]\]. In addition to having a pronounced influence on cell morphology, nanotopographical cues could regulate cell proliferation and facilitate stem cell differentiation into certain lineages such as neuron \[[@R35],[@R40],[@R41]\], muscle \[[@R42]\], and bone \[[@R36],[@R37]\].

Many excellent review articles discuss cellular responses to substrate stiffness \[[@R14],[@R43],[@R44]\] or topography \[[@R45]--[@R50]\]. However, despite similarities in phenotypic manifestations, the interwoven effects of stiffness and nanotopographical cues on cell behavior have not been well described \[[@R51]\]. Herein, we first review the effects of substrate stiffness and nanotopography on cell behavior, and then focus on intracellular transmission of the biophysical signals from integrins to nucleus. Attempts are made to connect extracellular regulation of cell behavior with the biophysical cues. We then discuss the challenges in dissecting the biophysical regulation of cell behavior and in translating the mechanistic understanding of these cues to tissue engineering and regenerative medicine.

2. Biophysical regulation of cell phenotype and function {#S2}
========================================================

2.1. Stiffness cues {#S3}
-------------------

A broad spectrum of materials has been adopted as substrates/matrices for cellular studies. These materials range from very hard metals such as titanium oxide (TiO~2~; Young's modulus *E* ≈ 150 GPa) \[[@R52]\], to hard glass (65 GPa) \[[@R53]\], to thermoplastic polymers such as polystyrene (PS; 2.3 GPa) \[[@R54]\] and poly(lactic-*co*-glycolic acid) (PLGA; 1.31 GPa for PLGA 50/50) \[[@R55]\], to elastomeric polymers such as polydimethylsiloxane (PDMS; 3.4 MPa) \[[@R56]\], and to soft hydrogels (from several pascals to several kilopascals), as shown in [Fig. 2(a)](#F2){ref-type="fig"}. In the literature, different terms such as elasticity, stiffness, rigidity, and shear modulus have been used to characterize the mechanical property of substrates. Elasticity is an intensive property of the material, while stiffness is an extensive property, depending on the material and the shape and boundary conditions. Throughout this review, the value in the brackets gives the Young's modulus of the substrate, unless otherwise specified.

### 2.1.1. Stiffness effects {#S4}

With an increase in substrate stiffness, cells usually exhibit enhanced cell adhesion \[[@R57]--[@R60]\], enlarged cell spreading with defined actin organization \[[@R60]--[@R67]\], increased cellular contractility \[[@R60]--[@R68]\], decreased migration speed \[[@R69],[@R70]\], and promoted proliferation \[[@R57],[@R61],[@R67],[@R71],[@R72]\]. For example, when hMSCs adhere onto collagen I-modified PAAm gels, paxillin-labeled adhesions change from undetectable diffuse focal complexes on soft gels (1 kPa), to punctate adhesions on gels with intermediate stiffness (11 kPa), to long, thin, and more stable focal adhesions on the stiffest gels (34 kPa) \[[@R28]\]. The expression of the focal adhesion protein vinculin in MC3T3-E1 osteoblasts on alginate gels increases 1.5-fold as the gel stiffness increases from 20 kPa to 110 kPa \[[@R57]\]. It has also been shown that NIH 3T3 fibroblasts on the stiffer collagen I-coated PAAm gels (7.69 kPa) are more dispersed and have better attachment, with \> 80% of cells remaining after a centrifugation assay, as compared with the softer gels (2.68 kPa), which only have about 30% of cells remaining \[[@R58]\].

Although many studies show monotonic dependence of cell behavior on substrate stiffness, biphasic relations between cell adhesion \[[@R73]\], migration \[[@R59],[@R74]--[@R76]\], and proliferation \[[@R77]--[@R79]\] and substrate stiffness have also been observed. On the one hand, when primary adult human dermal fibroblasts are grown on poly(ethylene glycol) (PEG) hydrogels, the average cell migration speed decreases significantly from 0.81 µm·min^−1^ on soft gels (95 Pa) to 0.38 µm·min^−1^ on stiff gels (4.3 kPa) \[[@R70]\]. In addition, when the Young's modulus of PAAm gels increases from 4.7 kPa to 14 kPa, NIH 3T3 fibroblasts show \~2- and \~4-fold higher cell proliferation after 24 h and 48 h, respectively \[[@R61]\]. On the other hand, the migration speed of MC3T3-E1 cells on collagen I-coated PAAm gels monotonically increases with increasing stiffness on low collagen densities, while at higher collagen densities, the cells exhibit a biphasic dependence of migration speed on substrate stiffness and reach a maximum on 21.6 kPa gels \[[@R59]\]. A peak proliferation rate is observed on the gels of an intermediate stiffness for rat neural stem cells cultured on PEG substrates (10 Pa--10 kPa) \[[@R78]\]. In addition, the proliferation of murine stem cells on alginate hydrogels does not show any dependence on gel stiffness \[[@R72]\].

Stem cell differentiation is also profoundly affected by substrate stiffness. As previously mentioned, hMSCs exhibit up-regulated expression of neurogenic, myogenic, and osteogenic biomarkers on PAAm gels with stiffnesses matching those of brain (0.1--1 kPa), muscle (8--17 kPa), and collagenous bone (25--40 kPa), respectively \[[@R28]\]. Adult neural stem cells also exhibit peak levels of neurogenic biomarker β-tubulin III on substrates having the approximate stiffness of brain tissue. In addition, softer PAAm gels (100--500 Pa) promote neuronal differentiation, whereas stiffer substrates (1--10 kPa) lead to glial differentiation \[[@R78]\]. Because of the variation in cell sources, substrate preparation, and differentiation protocols, the optimal substrate stiffness is not the same across different studies. For example, another study showed that the myogenic and osteogenic differentiation peaks on PAAm gels with stiffnesses of 25 kPa and 80 kPa, respectively \[[@R67]\], are slightly different from those in the previous report \[[@R28]\]. Nonetheless, general trends have been observed, in that neural differentiation prefers soft substrates whereas osteogenesis favors stiff substrates, while myogenesis falls in the intermediate range ([Fig. 2(b)](#F2){ref-type="fig"}; see [Supplementary Information](#SD1){ref-type="supplementary-material"} for references on each data point). The remarkable consistency over a large number of studies involving diverse cell sources highlights the important role of mechanosensing in stem/progenitor cell differentiation.

Stiffness-dependent cell behavior has seen more applications. Substrate stiffness impacts the cellular uptake of nanoparticles: Soft PAAm gels (1.61 kPa) lower cell membrane tension, favoring bovine aortic endothelial cells uptaking PS nanoparticles compared with stiffer gels (3.81 kPa and 5.71 kPa) \[[@R80]\]. More intriguingly, recent studies have revealed that the cells can retain stiffness information from the past culture environment and that the previous mechanical history or mechanical dosing influences future cell fate decisions \[[@R32],[@R81]--[@R84]\]. For example, skeletal muscle stem cells lose their *in vivo* regenerative potential rapidly on stiff plastic dishes, but sustain their self-renewal and regenerative capacity on soft hydrogels of physiologically relevant stiffness \[[@R32]\]. It is further demonstrated that hMSCs are increasingly differentiated toward osteogenesis after long-term culture on stiff PS, but remain plastic and can differentiate toward adipogenic and osteogenic lineages without previous mechanical dosing on a stiff PS surface \[[@R82]\].

### 2.1.2. Challenges in delineating stiffness regulation {#S5}

Cellular responses to substrate stiffness cues are not always consistent, and are sometimes contradictory. One of the important reasons is that tuning the stiffness of hydrogels, the extensively used materials in stiffness studies, may affect the surface chemistry, backbone flexibility, and binding properties of adhesive ligands of the gel, in addition to its bulk stiffness and porosity \[[@R85]--[@R87]\]. It has been shown that hMSCs respond to the variation in stiffness of PAAm gels but not to that of PDMS; thus, it is speculated that it is the alteration of anchoring points of attached collagen I on the gels, rather than substrate stiffness *per se*, that regulates the cell behavior \[[@R85]\]. It is further suggested that hMSC differentiation is regulated by the fibronectin strain, which is not affected by the stiffness variation of smooth PDMS but is affected by that of hydrogels \[[@R88]\]. On the contrary, a recent study shows that hMSC differentiation is not affected by protein-substrate linker density up to 50 folds; thus, it is argued that substrate stiffness regulates stem cell differentiation independently of protein tethering and porosity \[[@R89]\]. Another important issue is that cells can sense the stiffness of underlying hydrogels, and even the stiffness of the supporting substrate when the gel is thin \[[@R90]--[@R92]\]. It is estimated that cells can sense the "hidden" substrate at a depth of approximately 5 µm \[[@R93]\], and even deform a substrate to a depth of 20 µm \[[@R94]\]. Collectively, the complexity of hydrogel structures in both lateral and vertical dimensions makes it challenging to dissect the role of substrate stiffness in cell regulation. Model systems in which the stiffness cues can be investigated independently of other environmental variables are highly desirable.

2.2. Nanotopographical cues {#S6}
---------------------------

Cells can perceive variations of a few nanometers on the surface topography and actively respond to the nanotopography \[[@R38]\]. Cells exhibit diverse behavior on a wide variety of nanotopographies. Although nanoscale is defined as a length scale of 1--100 nm in the physical realm \[[@R95]\], the length scale of nanotopographies discussed here is extended beyond 100 nm and upward to the submicrometer range because cells can interact with the ECM exhibiting features with size up to several micrometers.

### 2.2.1. Nanotopographical effects {#S7}

Shape (e.g., pillars, pits, and gratings), dimension (feature size, spacing, and height), and arrangement of nanoscale features all have pronounced effects on cell behavior, from cell adhesion and spreading to proliferation and differentiation, which is cell-type specific. Mesenchymal stem cells (MSCs) display different cell adhesion, proliferation, and differentiation on TiO~2~ nanotubes of 15--100 nm in diameter compared with a flat TiO~2~ surface \[[@R37],[@R96]\]. On small (\~30 nm diameter) TiO~2~ nanotubes, hMSCs exhibit enhanced adhesion. A \~10-fold increase in cell elongation occurs on larger (70--100 nm) nanotubes compared with the flat control, thus inducing cytoskeletal stress and biasing the osteogenic differentiation \[[@R37]\]. Other than feature size, nanotopography height can effectively regulate cell behavior \[[@R97]\]. On randomly distributed nanoislands produced by demixing, a variety of cell types exhibit more pronounced focal adhesions and actin stress fibers, highly spread morphology, and larger cell area on the shallow (11--13 nm height) nanoislands compared with the flat control surface \[[@R98]--[@R101]\]. When the height increases to \~90 nm, some cells---such as human fetal osteoblastic cells \[[@R98]\], human bone marrow cells \[[@R102]\], and human fibroblasts \[[@R103]\]---display a reduced cell-spreading morphology, with diffuse actin and fewer stress fibers. In contrast, human endothelial cells display larger lamellae and have increased numbers of stress fibers on 95 nm nanoislands \[[@R100]\]. Cell-type specific responses to nanotopography have also been observed in other systems \[[@R104],[@R105]\]. For example, human embryonic stem cells (hESCs) exhibit enhanced proliferation and long-term self-renewal on smooth surfaces but tend to differentiate on nanorough glass surfaces, whereas nanorough surfaces promote the adhesion of NIH 3T3 fibroblasts compared with smooth surfaces \[[@R105]\].

In contrast to isotropic nanotopographies, anisotropic nanotopographies such as nanogratings may result in smaller cell sizes and lower proliferation rates---even apoptosis---while promoting cell alignment, elongation, and migration \[[@R35],[@R101],[@R106]--[@R111]\]. Compared with random distribution on a smooth control, the focal adhesions and stress fibers of human corneal epithelial cells align along silicon nanogratings that are 70--1900 nm in ridge width, 400--4000 nm in pitch, and 150 nm and 600 nm in depth ([Fig. 3](#F3){ref-type="fig"}) \[[@R112]\]. The focal adhesion size increases with the ridge width up to 400 nm and remains constant for ridge widths greater than 650 nm. Compared with the smooth control surfaces, the cells display smaller average cell areas on all nanogratings, yet significantly elongated morphology on all gratings that are 600 nm deep \[[@R112]\]. Nanograting-induced decrease in cell area results in lower proliferation rates. On PDMS nanogratings of 350 nm in width, 700 nm in pitch, and 350 nm in depth, hMSCs display elongated cytoskeletons and nuclei along the nanograting direction, and a significantly lower cell proliferation rate of (26.9 ± 3.1)% compared with (35.7 ± 7.6)% on smooth surfaces \[[@R35]\]. In addition to the observation that various human cell types exhibit enhanced motility on nanotopographies compared with smooth surfaces \[[@R113]--[@R117]\], directional cell migration can be realized on anisotropic nanotopographies, as the cell extends and retracts lamellipodia preferentially along the long axis of anisotropic nanotopographies, compared with random cell migration on isotropic nanotopographies \[[@R118]\]. It is suggested that directional cell migration can be regulated by the polarization of the microtubule organizing centers \[[@R109]\], and that migration speed is dependent on the width \[[@R48]\] and depth \[[@R119]\] of underlying nanogratings. Note that unidirectional cell migration can be achieved by using nano/microtopographical gradients such as sawteeth geometry on scales smaller than that of a single cell but comparable to those of collagen fibers \[[@R120]\].

Anisotropic nanotopography is crucial to neuron growth and differentiation, in addition to facilitating myogenic differentiation \[[@R42],[@R121]\]. The neurites of dorsal root ganglion neurons elongate and exhibit little to no branching on aligned nanofibers; however, they have noticeably more branching on random nanofibers, which is detrimental to nerve regeneration. Furthermore, the neurites exhibit bipolar extension parallel to nanofibers that are 500 nm in diameter, in an identical manner to the organization in *in vivo* neurite outgrowth \[[@R122]\]. Interestingly, neural stem cells elongate and their neurites outgrow along with the aligned fibers independent of their diameter; however, nanofibers that are 250 nm in diameter promote cell differentiation compared with microfibers (1.25 µm) \[[@R123]\]. The influence of nanogratings on neuronal differentiation is significant. On the aforementioned 350 nm PDMS nanogratings, hMSCs exhibit significant up-regulation of the expression of neuronal markers such as β-tubulin III and microtubule-associated protein 2 (MAP2), compared with microgratings and flat controls. Although the combination of nanotopographical cues with biochemical cues such as retinoic acid (RA) further enhances the up-regulation of the neuronal markers, nanogratings demonstrate a stronger effect than RA alone on a smooth surface \[[@R35]\]. Even in the absence of RA, hESCs grown on equally spaced gratings that are 350 nm in width and 500 nm in height are differentiated into neuronal lineage, but not into glial cells \[[@R40]\]. Interestingly, anisotropic topographies are shown to enhance neuronal differentiation, while isotropic topographies enhance glial differentiation under the same conditions \[[@R41]\]. While cell polarity is critical to cell regulation and organ development, and loss of cell polarity is associated with many human diseases \[[@R124],[@R125]\], anisotropic nanotopographies provide a powerful tool to establish and maintain cell polarity.

Intriguing findings show that the arrangement of nanoscale features can have a profound influence on cell phenotype and function. On arrays of nanopits (120 nm in diameter, 300 nm center-to-center spacing, and 100 nm in depth) in three different arrangements---square, hexagonal, and near-square (i.e., a square pattern with ±50 nm disorder)---primary human osteoblasts display a mean fibrillar adhesion length of approximately 11 µm on near-square nanopits, which is significantly larger than those on hexagonal and square nanopits (\~6.6 µm) and on the flat control (\~7.2 µm) \[[@R126]\]. Moreover, the near-square nanopits alone stimulate osteogenic differentiation of hMSCs at levels similar to the differentiation induced by osteogenic supplements, whereas highly ordered or completely randomly positioned nanopits and the flat control only induce limited osteogenic differentiation \[[@R36]\]. On the other hand, highly ordered, square nanopits permit the retention of multipotency of hMSCs for up to 8 weeks \[[@R39]\].

Being a potent regulator of cell behavior, topography can alter the cell-substrate interactions in order to strengthen or weaken cell adhesion, consequently affecting cellular processes. Nanotopography has therefore been utilized in various applications, from capturing circulating tumor cells (CTCs) \[[@R127]--[@R131]\] and optimizing the fibroblast-to-neuron reprogramming process \[[@R132]\] to modulating the fibrogenic responses of fibroblasts to nanoparticles \[[@R133]\]. Inspired by the nanostructured surface (e.g., microvilli, microridges, and cilia) of tumor cells \[[@R134]\] and by enhanced tumor cell-nanotopography interactions \[[@R135]\], a variety of nanotopographies such as nanowires \[[@R127],[@R128]\], nanotubes \[[@R129]\], and nanorough surfaces \[[@R130]\] have been fabricated to improve the sensitivity and efficiency of CTC capturing. Compared with isotropic discrete nanopillars, nanogratings are shown to favor tumor cell adhesion, leading to more effective tumor cell capturing \[[@R131]\]. On the other hand, nanocrater pitch is designed to disrupt the formation of mature focal adhesions, thus favoring NIH 3T3 fibroblast migration toward higher-pitched regions \[[@R136]\]. Because of weakened cell-substrate interaction, the bovine corneal endothelial cell monolayer on nanopillars demonstrates a higher density of microvilli than the flat control, as well as enhanced formation and function that are similar to those of the native corneal endothelium \[[@R137]\].

### 2.2.2. Cell sensing of nanotopography {#S8}

Discrepancies in the literature confound current understanding of the nanotopographical regulation of cell behavior. For example, one group shows that nanogratings significantly increase the expression of osteogenic markers of hMSCs \[[@R138],[@R139]\]. In contrast, another group reports that nanogratings do not strongly influence the osteogenic phenotype of hMSCs \[[@R140]\]. Moreover, some groups conclude that biochemical cues exert a stronger influence on cell behavior as compared with nanotopography \[[@R107],[@R141],[@R142]\]. For example, on a silicon substrate with a pore-size gradient ranging from 19 nm to 920 nm and an orthogonal cyclic arginine-glycine-aspartic acid (Arg-Gly-Asp or RGD) ligand gradient, rat MSCs respond to both nanotopographical and biochemical cues; however, they respond more strongly to the change in RGD density than to the change in pore size \[[@R141]\]. It is also shown that MC3T3-E1 cells predominantly align along the nanogratings (100 nm in width, spacing, and depth) that are uniformly coated with fibronectin. However, when the nanogratings are orthogonally contact-printed with fibronectin lanes that are 10 µm wide and separated by non-adhesive lanes, the cells elongate along the fibronectin lanes rather than along the nanogratings \[[@R107]\]. It is unclear whether the aforementioned discrepancy results from the difference in nanogratings *per se* or from the nanograting-altered ligand presentation.

It is generally thought that nanotopography can increase surface area, thus enhancing cell adhesion. However, the apparent surface that cells can perceive is determined by the shape and dimension of nanoscale features. Whether the cell membrane will bridge over the top or reach the bottom of nanofeatures is dependent on the stiffness of the cell membrane at nanoscales \[[@R143]\]. On equally spaced nanogratings that are 500 nm in height, it is shown that neonatal rat ventricular myocytes extend toward but do not reach the bottom of gratings that are 400 nm wide; this action is accompanied by limited cell-substrate adhesion. In contrast, the cells can completely fill gratings that are 800 nm wide, and show increased cell-substrate adhesion \[[@R144]\].

When the nanotopography reduces the apparent surface area that cells can perceive, the nanotopography restricts focal adhesions, thus weakening cell adhesion and facilitating cell migration \[[@R102]\]. On nanopillars that are 700 nm in diameter and 1.2--5.6 µm in pillar-to-pillar distances, the hMSCs are stretched and favor osteogenesis on the nanopillars with longer pillar-to-pillar distance (5.6 µm), but are rounded and favor adipogenesis on the nanopillars with shorter distances (1.2 µm) \[[@R145]\]. The relation between cell spreading and spacing can be biphasic. For example, on nanodot arrays with diameters ranging between 10 nm and 200 nm and spacings between 20 nm and 200 nm, cardiomyoblasts exhibit maximal surface area and proliferation on 50 nm nanodot arrays \[[@R146]\]. In addition, among nanodot arrays with diameters of 150 nm, 400 nm, and 600 nm, osteogenic differentiation of hMSCs peaks on the 400 nm dot array \[[@R147]\]. It is thus speculated that effective nanotopographical cell modulation is, first, determined by whether the nanotopography increases the substrate surface area that cells can perceive and, second, determined by how significant the increase in apparent surface area is. Small spacing can limit the apparent surface area, while large spacing may alleviate the increase in apparent surface area. The aspect ratio of height to spacing of nanotopography is thus suggested to provide more comprehensive characterization of nanotopography than a single dimensional parameter \[[@R41],[@R50],[@R148]--[@R151]\]. It has been shown that, on gratings of 1--10 µm in width and spacing and 0.35--10 µm in height, hMSCs are mostly elongated on the gratings with an aspect ratio of 1.04, whereas cell elongation is not significant on gratings with the smallest width or the greatest height \[[@R152]\].

While nanotopography provides a potent regulator of cell growth and differentiation by modulating the cell shape \[[@R153],[@R154]\], the underlying mechanisms remain unclear. Will nanotopography affect cell behavior via contact guidance when nanotopography does not affect the presentation of adhesive ligands? Will nanotopography affect cell behavior when nanotopography affects the cell sensing of the substrate surface or adhesive ligands?

2.3. Interwoven substrate nanotopographical and stiffness cues {#S9}
--------------------------------------------------------------

Cells constantly exert force on the ECM, remodel the ECM, and affect physiological and pathological processes \[[@R155]--[@R157]\]. When a flat, pliant substrate is used, cells may detect a difference in substrate stiffness and respond to the stiffness cues \[[@R158]\]. Furthermore, when topography is fabricated on stiff substrates that cells cannot deform, cells will only respond to topographical cues, whereas cells will sense and respond to both topographical and stiffness cues if cells can deform the topography. Note that the substrate stiffness sensing is also cell-type specific. For example, bovine pulmonary artery smooth muscle cells behave similarly on both poly(methyl methacrylate) (PMMA) and PDMS nanogratings that are 350 nm in width, spacing, and depth \[[@R109]\]. However, hMSCs are observed to deform PDMS nanogratings but not PS nanogratings, which have a similar stiffness to the PMMA nanogratings (*E* = 2.3 GPa and 3.7 GPa for PS and PMMA, respectively) \[[@R54]\], as shown in [Fig. 4(a, b)](#F4){ref-type="fig"} \[[@R159]\]. In addition, on PS substrates, hMSCs exhibit lower mechanical properties when attached to the 350 nm gratings as compared with flat controls. On the other hand, hMSCs cultured on PDMS substrates show lower mechanical properties than those on PS substrates, regardless of topography \[[@R160]\]. Evidently, when the building material for the topography is soft enough for the cell to deform the substrate, topographical and stiffness cues are interwoven to exert influence on cell phenotypes and functions \[[@R161]\]. It is worth mentioning that the surface of thermoplastic polymers, usually at a length scale of less than 100 nm, has different properties from the bulk \[[@R162]--[@R165]\]. Because nanofeatures make up a significant portion of surface areas, thus providing different mechanical properties, the nanotopography may provide cells with stiffness in addition to nanotopographical cues.

Recently developed microscale PDMS pillar arrays provide convincing evidence regarding cellular responses to combined topographical and stiffness cues \[[@R166],[@R168]--[@R175]\]. The spring constant of the pillar is proportional to the fourth power of the diameter and inversely proportional to the cube of the height \[[@R166]\]. The dimensions of the pillars have been designed to generate stiffness varying from about 1 kPa to 1.2 MPa, thus affecting focal adhesions, cell morphology, contractility, and differentiation \[[@R174],[@R176]\]. For example, hMSCs demonstrate different cell spreading on micropillar arrays of various stiffnesses, as shown in [Fig. 4(c--e)](#F4){ref-type="fig"} \[[@R166]\], which biases hMSC differentiation: Stiff arrays favor osteogenesis, whereas soft ones promote adipogenesis \[[@R166]\]. Cellular studies using an anisotropic micropillar array further highlight the importance of substrate stiffness cues. On anisotropic PDMS microarrays with an oval cross-section (major axis/minor axis: 0.95 µm/0.55 µm, leading to the pillars being about three times stiffer along their major axis than along their minor axis), epithelial cells align and migrate preferentially along the long axis direction or the stiffest direction \[[@R173]\]. The preferential orientation of focal adhesions and actin stress fibers, cell migration, and tissue growth along the stiffest direction of such substrates is correlated to a greater traction force concentrated at the edges of cellular assemblies \[[@R44]\]. In comparison, no preferential orientation of cell alignment or assemblies is observed on a cylindrical pillar array \[[@R170]\]. Moreover, on polyurethane nanogratings, which are 800 nm in width, spacing, and depth, and which have different Young's moduluses from 1.8 MPa to 1.1 GPa, Chinese hamster ovary (CHO) cells exhibit increasing cell spreading and elongation, and cellular and nuclear areas with increasing substrate stiffness, as shown in [Fig. 4(f)](#F4){ref-type="fig"} \[[@R167]\].

While the roles of substrate stiffness and nanotopographical cues in cell regulation are elusive, the interweaving of the biophysical cues escalates the complexity. To facilitate the mechanical understanding of the biophysical regulation, we next discuss some common elements in intracellular and extracellular transduction of the biophysical signals in terms of cell regulation.

3. Intracellular transduction of biophysical signals {#S10}
====================================================

Biophysical signals can be transmitted from integrins, through focal adhesions and the actin cytoskeleton to the nucleus, and regulate cell phenotype and function. We therefore focus on how the biophysical cues affect focal adhesions, the cytoskeleton, and the nucleus.

Before discussing how biophysical cues affect cells, we will describe how cells sense and respond to the substrate. The first step in cellular response to a substrate is to form focal adhesions via the binding and clustering of integrins onto the adhesive ligands on the substrate. As illustrated in [Fig. 5](#F5){ref-type="fig"}, heterodimeric integrin receptors, containing one α- and one β-subunit, bind to the RGD peptide of ECM proteins with their extracellular domain and link to cytoskeletal adaptor proteins with their cytoplasmic tail, subsequently recruiting scaffolding proteins that connect the integrins to the actin cytoskeleton \[[@R177]\]. The earliest forms of integrin-mediated contacts are focal complexes. These small (\~500 nm) but highly dynamic focal complexes are located at the leading edge of lamellipodia and membrane protrusions \[[@R178]\]. When the lamellipodia retract or stop protruding, focal contacts are replaced by focal adhesions, and cytoplasmic anchor proteins including paxillin, vinculin, and talin are recruited to the adhesion sites \[[@R179]\]. Maturation of nascent focal complexes to stable streak-like focal adhesions and fibrillar adhesions is induced by cytoskeletal tension driven by cross-bridging interactions of actin and myosin filaments (actomyosin) \[[@R180]\]. The highly anisotropic growth of focal adhesions is in the direction of the force exerted by the cytoskeleton \[[@R181]\]. Downstream signaling of proteins in the Rho family of small GTPases subsequently occurs \[[@R43],[@R182]\], regulating nanoscale sensing (Cdc42), stress fiber formation (RhoA), and cell spreading (Rac) \[[@R183]\]. These processes then control the elongation and contraction of filamentous actin fibers through proteins such as myosin \[[@R184]\]. Increase in RhoA activity decreases the activities of Cdc42 and Rac, driving the formation of focal adhesions and actin stress fibers \[[@R178]\]. Substrate stiffness and nanotopographical cues can mediate the size and distribution of focal adhesions and, subsequently, cytoskeletal organization and tension, which regulate cell morphology and, ultimately, cell function.

A recent study indicates that nascent focal complexes, which have a smallest size of 0.19 µm^2^ \[[@R185]\], are critical to mechanosensing \[[@R186]\]. In line with focal complexes, stable integrin-fibronectin clusters are found to be assembled above an area threshold (0.11 µm^2^); below the threshold, no stable integrin-fibronectin clusters are assembled or appreciable adhesive forces are generated \[[@R187]\]. The focal adhesion size is not a predictor of the local tension exerted at the adhesion. It has been shown that the force exerted at the focal adhesions continues to increase while the elongated focal adhesion protein paxillin remains within 8 µm of the cell periphery without further size change \[[@R188]\]. As a primary regulator of focal adhesion signaling, focal adhesion kinase (FAK) regulates cell proliferation \[[@R189]\] and differentiation \[[@R190],[@R191]\], and its activation increases upon mechanical strain \[[@R192]\]. By means of FAK and the Src-mediated phosphorylation of paxillin, vinculin can be recruited to focal adhesions through myosin-dependent tension, and will further stabilize adhesions \[[@R193]\]. Indeed, tyrosine phosphorylation and dephosphorylation of FAK play a key role in cellular responses to substrate stiffness \[[@R194]\] and nanotopographical cues \[[@R160]\]. On a compliant ECM, FAK signaling is suppressed and intracellular tension is decreased \[[@R195]\]. With an increase in substrate stiffness, the expression of the mature focal adhesion protein zyxin is up-regulated \[[@R56]\]. It has also been observed that FAK phosphorylation increases on equally spaced nanogratings that are 250 nm \[[@R196]\] and 500 nm \[[@R160]\] in width. The increased expression of phosphorylated FAK (pFAK) facilitates the neuronal differentiation of hMSCs, suggesting that the phosphorylation of FAK may act as a signal transducer between integrins and the cytoskeleton in order to relay nanotopographical stimuli to the nucleus via intracellular contractility \[[@R196]\]. In addition, the expression of zyxin is down-regulated on 350 nm nanogratings, correlating with smaller ((3.2 ± 0.26) µm^2^ versus (5.3 ± 0.55) µm^2^ on flat controls) and more dynamic focal adhesions, indicating that the traction force in focal adhesions on the nanogratings is decreased. As a result, hMSCs migrate along the nanograting direction at a speed of 15.6 µm·h^−1^, which is significantly faster than their speed of 8.3 µm·h^−1^ on a flat surface \[[@R197]\].

The assembly of focal adhesions depends on, and can be regulated by, intracellular tension through the actin cytoskeleton \[[@R198]\], and the members of the small Rho family of GTPases are master regulators of actin cytoskeleton remodeling \[[@R199]\]. Activating Rho and its downstream effector Rho-associated protein kinase (ROCK), and hence inhibiting myosin-light-chain phosphatase, promotes the contraction of actin stress fibers \[[@R200]\]. Through ROCK-dependent contractility, the actin cytoskeleton plays a dominant role in mediating cell shape, which is a proven regulator of cell growth and differentiation \[[@R201]--[@R203]\]. Cells that are restricted on micropatterned proteins have been shown to switch from growth to apoptosis when the micropattern size decreases \[[@R153]\]. Well-spread and flattened hMSCs favor osteogenesis, while unspread, round cells undergo adipogenesis \[[@R57],[@R59],[@R203]\]. Investigation of shape-dependent differentiation of hMSCs indicates that focal adhesions and myosin-generated intracellular tension during differentiation play crucial roles in stem cell lineage commitment \[[@R204]\]. Well-spread, polarized shapes are associated with high RhoA/ROCK activity, while cells with small, rounded shapes have low RhoA/ROCK activity \[[@R154]\]. Pharmacological drug studies further confirm that increasing the intracellular tension drives the majority of hMSCs toward osteoblasts despite the variation in shape; conversely, inhibiting ROCK activity biases adipogenesis \[[@R204]\]. Moreover, hMSCs undergoing osteogenic differentiation in osteogenic medium demonstrate higher intracellular tension than the non-differentiating cells, whereas hMSCs that do not differentiate into adipocytes in adipogenic medium are more contractile than the cells undergoing adipogenesis or the cells maintained in the growth medium \[[@R166]\]. Increasing substrate stiffness promotes actin polymerization and actomyosin force generation, leading to increased intracellular tension \[[@R205]--[@R207]\] and Rho activity, which is attenuated by decreasing substrate stiffness \[[@R21],[@R208],[@R209]\]. For example, a stiff substrate increases the activation of RhoA and Cdc42 and thus inhibits the neurogenesis of neural stem cells, while inhibition of RhoA/ROCK signaling modestly increases neuronal differentiation. Inhibition of RhoA/ROCK signaling also blocks the osteogenesis of hMSCs on stiff substrates \[[@R210]\]. In the case of nanotopography, the dimension (height in particular) and shape of nanotopography affect intracellular tension. When examined on a variety of nanotopographies, human lung fibroblasts show a significantly stiffer cytoskeleton on shallow (150 nm height) nanotopographies than on their 560 nm counterparts. The nanogratings also increase cytoskeletal stiffness compared with nanopillars featuring the same size and height and similar spacing. The stiffer cytoskeleton is associated with increased synthesis of collagen I \[[@R211]\]. Nanogratings are also found to induce high actomyosin contractility, which is crucial for the neural differentiation of hESCs \[[@R212]\].

The molecular connections between focal adhesions, the cytoskeleton, and the nucleus are associated with cellular and nuclear structure \[[@R197],[@R213],[@R214]\], enabling biophysical regulation of cell behavior \[[@R215],[@R216]\]. For example, chondrogenesis of murine MSCs requires a rounded cell shape, and a more rounded nuclear shape is shown to be associated with the greatest expression of chondrogenic biomarkers in MSCs, through the comparison of cellular and nuclear shapes \[[@R217]\]. The plasticity of nuclei has also been shown to be strongly linked to the lineage commitment of stem/progenitor cells \[[@R218]\]. Nuclear deformation, regulated by cell shape through not only the content but also the organization of the actin cytoskeleton \[[@R219]\], can result in conformational adaptation in chromatin structure and organization, which affects transcriptional regulation \[[@R220]\], gene expression, and protein synthesis \[[@R216],[@R221]\], eventually leading to changes in proliferation, differentiation, or cell death \[[@R159],[@R218]\]. Increasing the spreading area of circular cells from 300 µm^2^ to 2500 µm^2^ results in a 36% increase in nuclear volume of cells in the G1 phase, a 50-fold cell stiffening, and a 10-fold rise in proliferation rates \[[@R222]\]. It is envisioned that changes in substrate stiffness and/or nanotopographical configuration can alter the size and distribution of focal adhesions and the cytoskeleton, leading to nuclear deformation and changes in cell phenotype and function \[[@R223]\]. On equally spaced PDMS nanogratings that are 350 nm in width, hMSCs exhibit preferential nuclear (62% nuclei) alignment along the nanograting direction and more elongated nuclei (elongation aspect ratio: 1--5) compared with a random nuclear orientation and an elongation ratio of 1--3 on the flat control. The average nuclear area decreases to (145.1 ± 4.1) µm^2^ on the nanogratings, from (194.8 ± 4.8) µm^2^ on the flat control \[[@R224]\]. Compared with the flat control, the nanogratings also significantly down-regulate the expression of A-type lamin nuclear protein and retinoblastoma protein in hMSCs, thus decreasing cell proliferation and changing the differentiation potential \[[@R213]\].

The nuclear factors yes-associated protein (YAP) and transcriptional co-activator with PDZ-binding motif (TAZ) have been revealed to play important roles in developmental and pathological processes and to mediate cellular mechanosensing \[[@R82],[@R225]--[@R229]\]. For example, YAP is excluded from the nucleus in the pluripotent cells of the inner cell mass in the early mouse embryo \[[@R230]\]. Knockdown of YAP in mouse ESCs leads to loss of pluripotency, whereas ectopic expression of YAP prevents ESC differentiation \[[@R231]\]. In addition, YAP and TAZ are prominently expressed in fibrotic but not normal lung tissue \[[@R229]\]. Transfer of the fibroblasts overexpressing YAP and TAZ in mice results in profound ECM remodeling and fibrosis in the lung \[[@R229]\]. YAP/TAZ intracellular localization and activity are primarily regulated by cell spreading and cytoskeletal tension \[[@R225],[@R232]\]. When cells are spread, thick and abundant stress fibers form, leading to YAP/TAZ dephosphorylation and nuclear translocation, accompanied by promoted cell proliferation. In contrast, limited cell spreading (compact and round morphology) results in thin and less-evident stress fibers, leading to YAP/TAZ phosphorylation and cytoplasmic translocation, accompanied by suppressed cell proliferation \[[@R226],[@R228],[@R233]\]. Inhibiting myosin in cells reduces stress fibers and nuclear YAP \[[@R234]\]. YAP dephosphorylation can be completely blocked by Rho but not Rac or Cdc42 inhibitors \[[@R233]\].

YAP nucleocytoplasmic localization and activity can be mediated by cell-cell contacts or cell-substrate adhesion \[[@R226],[@R228],[@R233]\], and are sensitive to substrate stiffness \[[@R82],[@R174],[@R225],[@R232],[@R235]\] and nanotopography \[[@R196],[@R232],[@R234]\]. On microfabricated adhesive squares, YAP nucleocytoplasmic distribution gradually changes with square size. Cells mostly express cytoplasmic YAP on small squares, whereas they predominantly show nuclear YAP on squares that are larger than a threshold area between (30 × 30) µm^2^ and (40 × 40) µm^2^ \[[@R226]\]. YAP/TAZ nucleocytoplasmic localization is shown to be dependent on substrate stiffness in a physiologically relevant range (0.5--40 kPa) \[[@R232]\]. Soft substrates induce cytoplasmic YAP expression, inhibit cell proliferation \[[@R228]\], and promote the differentiation of human pluripotent stem cells (hPSCs) into motor neurons or GABAergic interneurons \[[@R174],[@R235]\]. Knockdown of YAP/TAZ in hMSCs grown on stiff substrates or large adhesive areas enables adipogenic differentiation, which is commonly observed in cells grown on soft substrates or small adhesive areas; in addition, overexpression of YAP/TAZ causes cells grown on soft substrates to behave like those grown on stiff substrates \[[@R225]\]. Moreover, YAP/TAZ is suggested to act as an intracellular mechanical rheostat, mediating the influence of mechanical dosing on stem cell plasticity. Mechanically priming the cells for short periods of time leads to the reversible activation of YAP; however, a mechanical dosing beyond a threshold dose leads to the constitutive activation of YAP, which biases hMSC differentiation toward osteogenesis even after the mechanical dosing is removed \[[@R82]\]. Compared with well-studied stiffness cues, the effects of nanotopographical cues on YAP intracellular localization have not been well investigated \[[@R212],[@R232]\]. Cytoplasmic YAP is suggested to be necessary yet insufficient for neural differentiation from human induced pluripotent stem cells, while nanograting-induced cell polarity is crucial to induced neural differentiation \[[@R234]\].

4. Comparison between biophysical regulations {#S11}
=============================================

4.1. Similarity between substrate stiffness and nanotopographical modulation {#S12}
----------------------------------------------------------------------------

In response to a broad spectrum of substrate stiffnesses and a wide variety of nanotopographies, cells exhibit diverse phenotypes and function. Yet a striking similarity is observed in cellular responses to biophysical cues. For example, MC3T3-E1 osteoblasts exhibit different focal adhesions and cytoskeleton on PAAm gels of different stiffnesses, showing diffuse focal adhesions and poorly organized actin cytoskeleton on the softest gels (11.8 kPa), but distinct focal adhesions and mature actin stress fibers on stiffer gels (39 kPa), which are comparable to those in cells grown on glass surfaces \[[@R59]\]. Similarly, stress fiber development is perturbed in human osteoblasts grown on highly ordered nanopit arrays, but cells on randomly arranged nanopits are observed to be well-spread with organized stress fibers; the latter cells are similar to those on the smooth control substrates \[[@R236]\].

The similarity in cell spreading and migration is evident on substrates with stepwise changes in stiffness and topography. As shown in [Fig. 6(a)](#F6){ref-type="fig"} \[[@R207]\], on PAAm substrates with soft (14 kPa) and stiff (30 kPa) regions, individual NIH 3T3 fibroblasts easily migrate from the soft side to the stiff side, with a concurrent increase in cell area and traction force, yet a decrease in cell migration speed: (0.44 ± 0.23) µm·min^−1^ on the soft side and (0.26 ± 0.13) µm·min^−1^ on the stiff side. In contrast, when the cells migrate from the stiff side toward the soft side, they turn around or retract at the boundary, as shown in [Fig. 6(b)](#F6){ref-type="fig"} \[[@R207]\]. Even in the presence of many cell-cell contacts, NIH 3T3 fibroblasts and bovine pulmonary arterial endothelial cells accumulate preferentially on stiffer regions (34 kPa) compared with softer regions (1.8 kPa) of PAAm substrates \[[@R237]\]. Similarly, on consecutive arrays of PDMS micropillars that are 1 µm and 2 µm in diameter (resulting in a stiffness ratio of \~10 between the arrays), fibroblast cells from the 1 µm (soft) array probe the boundary and exert larger forces on the array, thus inducing polarization of the actin cytoskeleton and promoting cell migration toward the 2 µm (stiff) array, as shown in [Fig. 6(c)](#F6){ref-type="fig"} \[[@R238]\]. Conversely, most of the cells on the 2 µm array do not migrate toward the 1 µm array, as shown in [Fig. 6(d)](#F6){ref-type="fig"} \[[@R238]\]. Moreover, cell migration toward the 2 µm array is reduced when the stiffnesses of both arrays are greater than 50 nN·µm^−1^, as shown in [Fig. 6(e)](#F6){ref-type="fig"}, indicating that the stiffness effects on cellular response appear within a narrow stiffness range \[[@R238]\].

Cellular studies on the gradients of stiffness \[[@R239],[@R240]\] and topography \[[@R118],[@R241],[@R242]\] further manifest the similarity of the biophysical modulation. On a PAAm substrate with a gradient of stiffness that is linearly varied from \~1 kPa to 240 kPa across 2 mm, NIH 3T3 fibroblastic and neuroblastoma cells display a rounded morphology with diffuse focal adhesions on the softer region, but are well spread with defined focal adhesions on the stiffer region, as shown in [Fig. 7(a)](#F7){ref-type="fig"} \[[@R239]\]. The cells also migrate from the softer region to the stiffer region \[[@R240]\]. The density of topographies can also provide guidance for cell spreading and migration \[[@R118],[@R241]--[@R243]\]. As shown in [Fig. 7(b)](#F7){ref-type="fig"} \[[@R241]\], on an array of nanopillars that are 600 nm in diameter with a constant spacing of 600 nm in the *y* direction but a spacing varying between 0.3 µm and 4.2 µm in the *x* direction, 1205Lu melanoma cells exhibit long and parallel filopodia on the sparser pillar density region but short, thick, and randomly oriented protrusions on the denser pillar density region. The cell migration direction is dependent on both pillar density and fibronectin density \[[@R241]\]. On a rectangular lattice array, NIH 3T3 fibroblasts preferentially migrate toward the topographically denser areas and away from sparser ones \[[@R242]\].

Recent studies of cellular responses to gold nanoparticle arrays advance our understanding of how substrate stiffness and nanotopographical cues regulate cell behavior \[[@R244]--[@R246]\]. The cyclic RGDfK peptides-conjugated gold nanoparticle (\~8 nm) can bind only one integrin molecule of approximately 10 nm \[[@R247]\]. Inter-particle spacing is controlled using block-copolymer micelle nanolithography, and the inter-particle areas are passivated by PEG in order to eliminate topographical effects on cell adhesion \[[@R245]\]. On isotropic ligand patches with spacing between 28 nm and 85 nm, a variety of cell types spread in all directions, and display optimal integrin clustering, adhesion, actin stress fiber formation, and cell spreading for 58--73 nm spacings \[[@R245]\]. On a ligand patch with a gradient of spacings from 60 nm to 110 nm, the cells clearly sense the gradient and migrate toward the smaller spacing. As shown in [Fig. 7(c\[i--iv\])](#F7){ref-type="fig"} \[[@R244]\], the spacing between the adhesive patches increases from \~50 nm to \~80 nm, leading to a spacing gradient with a strength of \~Δ15 nm·mm^−1^. The cell morphology varies, from well spread on a ligand patch with a spacing of \~50 nm, to strongly elongated on a patch with a spacing of \~80 nm, as shown in [Fig. 7(c\[v\])](#F7){ref-type="fig"} \[[@R244]\]. In addition, the cells polarize and exhibit directional migration along the direction of the spacing gradient \[[@R244]\]. Regardless of the cell type, cell spreading and migration on the ligand spacing gradient \[[@R244]\] show striking similarity to those on the substrates with the stiffness gradient \[[@R239],[@R240]\] and topographical gradient \[[@R241],[@R242]\], suggesting that substrate stiffness and topographical cues share some common ground regarding cell modulation.

We thus hypothesize that biophysical regulation occurs mainly through the modulation of adhesive sites on the substrate. The level of stiffness of the substrates, usually hydrogels, is adjusted by changing the crosslinking density; increasing hydrogel stiffness reduces mesh size. When the stiffness of PAAm gels increases from 2 kPa to 20 kPa, the average pore size is measured as decreasing from 15 nm to 5.8 nm \[[@R85]\]. If adhesive ligands such as RGD are incorporated into hydrogel chains, stiffer substrates may provide more adhesive sites while softer substrates form fewer sites. When adhesive proteins are covalently grafted onto the hydrogel, the increase in mesh size results in increasing length of anchored protein fiber, which rapidly decreases the adhesion strength and mechanical feedback that cells sense on integrin ligation \[[@R85]\]. In the case of nanotopography, the shape, dimension, and arrangement of the nanoscale features determine the distribution and even conformation of adhesive proteins and thus restrict adhesive sites' access to the cell \[[@R101],[@R115]\]. Therefore, substrate stiffness and topography can be used to regulate the assembly and organization of focal adhesions via mediation of binding and clustering of integrins in a similar manner. The crucial role of adhesive site organization is further supported by the observation that modulation of focal adhesion geometry with ECM nanopatterns on stiff substrates can mimic soft matrices, thus controlling cell spreading and differentiation \[[@R248]\]. It is envisioned that on a pliant, nanostructured substrate/matrix, cell behavior can be guided physically by nanotopography and further modulated by stiffness via mechanical feedback upon cells deforming the surrounding nanostructures.

4.2. Theoretical modeling {#S13}
-------------------------

Biophysical regulation of cell spreading and migration can be described by the model that Bischofs et al. proposed, which uses isotropic linear elasticity theory with the Young's modulus, *E*, and the Poisson ratio, *ν*, of substrates \[[@R249],[@R250]\]. The cell actively pulls on its surrounding matrix, and it is assumed that the amount of work that the cell invests on the matrix will be minimized. The cell-matrix contacts are coupled throughout the actin cytoskeleton such that the forces are balanced; only pairs of opposing forces need to be considered. The work Δ*W* required to build up the anisotropic force contraction dipole *P~ij~* (represented by a tensor *P~ij~* = *Pn~i~n~j~*, where *P* is the dipole strength and *n* is its orientation) at cell position *r⃑*~c~ is proportional to the strain of the environment, $u_{\textit{ij}}^{e}$: $$\Delta W = P_{\textit{ij}}u_{\textit{ij}}^{e}({\overset{\rightharpoonup}{r}}_{c})$$

The optimal cellular organization will minimize Δ*W*. Assume the matrix acts like a linear spring with spring constant *K*, and the cell pulls on the matrix through a single cell-matrix contact. The cell-matrix contact can be a single micropillar or part of a micropillar. The cell needs to invest energy *W* = *F*^2^/(2*K*) into the spring to generate sufficiently large force *F*. It is more efficient to generate the force by using a stiffer spring (a larger *K*), even with less work (a smaller *W*). The cell probes the matrix by pulling at many cell-matrix contacts, each having a different *K* ([Fig. 8](#F8){ref-type="fig"}) \[[@R250]\]. In an isotropic substrate, as shown in [Fig. 8(a)](#F8){ref-type="fig"}, all *K*s are equal and all cell-matrix contacts perform similarly; the cell does not orient preferentially and adopts a round or stellate morphology, as observed in cell spreading on isotropically arranged micro-/nano-sized features \[[@R98],[@R166],[@R170],[@R251]\] and homogeneous hydrogels \[[@R59]\]. In an anisotropic matrix, as shown in [Fig. 8(b)](#F8){ref-type="fig"}, the force generation is more efficient in one specific direction and the corresponding contacts will eventually outgrow the others. Hence, the anisotropic elastic properties of the matrix can orient the cell along the direction of maximal effective stiffness followed by possible directional cell locomotion, as observed on the oval micropillars \[[@R173]\] and nanogratings \[[@R197]\], as well as on substrates with stiffness gradients \[[@R240]\]. It is notable that Δ*W* is inversely proportional to the substrate stiffness *E*: The stiffness effects will only work in a soft environment, as the difference in Δ*W* for different contacts of a stiffer matrix might become too small to induce oriented cellular responses \[[@R250]\]. This explains the previous observation that the motility of fibroblasts becomes insensitive to a step difference in the substrate once the stiffness is above a certain threshold \[[@R238]\].

In summary, experimental observations and theoretical analysis imply that substrate stiffness and topographical cues share some common ground; while both types of cues regulate cell behavior, they do so by taking different approaches.

5. Perspectives {#S14}
===============

Biophysical cues provide significant opportunities for regulating cell fates. To realize this potential and thus advance cell engineering and regenerative medicine, it is crucial to dissect underlying mechanisms and to accurately translate physical cues from a 2D into a 3D environment.

5.1. Mechanistic understanding of biophysical regulation {#S15}
--------------------------------------------------------

Adhesive proteins are essential in order for adherent cells to sense and respond to the underlying substrate. It is therefore critical to determine how the substrate stiffness and topography affect protein adsorption, conformation, and distribution, and then to identify the roles of the biophysical cues in cell regulation.

The chemical activities of the adhesive ligands and substrate surface are paramount. A higher affinity of adhesive ligands for the integrin adhesion receptors favors cell spreading with increased traction forces. For example, the cyclic peptide RGDfC, which has approximately two orders of magnitude higher affinity than the linear peptide GRGDSC for α~ν~β~3~ integrin, leads to a more contractile cytoskeleton and promotes osteogenesis of hMSCs \[[@R252]\]. Substrate surface hydrophilicity also affects protein conformation. Collagen I proteins fold and clump to form aggregates on hydrophobic PDMS surfaces, thus delaying osteogenesis of hMSCs; conversely, the proteins adopt a more extended conformation on hydrophilic PDMS surfaces, which is associated with an increase in activation of α~1~β~1~ integrin and enhanced osteogenic behavior \[[@R253]\].

Moreover, evidence suggests that, at nanoscales, the substrate surface can have different surface energy, and thus affect adhesive protein deposition \[[@R254]--[@R256]\]. Nano-sized metals have a higher energy at the surface than in the bulk due to a larger proportion of atomic defects and delocalized surface electrons at the surface \[[@R254],[@R256]\]. The macromolecular chains at the polymer surface also display higher mobility \[[@R257],[@R258]\]. The alteration in surface energy may result in variation in protein deposition on the substrate and may influence the composition and conformation of adsorbed proteins, thus inducing different cellular responses \[[@R37],[@R112],[@R255],[@R259]--[@R261]\]. Human fibrinogen exhibits different conformational structures on PLGA pillars that are 250 nm in diameter than on a flat surface \[[@R262]\]. Interestingly, the later-arriving adhesive protein molecules are suggested to have the highest biological activity, compared with the initially adsorbed proteins \[[@R263]\]. Along with the organization of adhesive sites altered by substrate stiffness and nanotopography, it is important to distinguish the biophysical regulation from biochemical regulation of cell behavior. In this regard, enabling technologies that are capable of probing the distribution and conformation of proteins at the nanoscale is desirable \[[@R264]\], such as real-time fluorescence imaging tools that can monitor the cellular responses to these external cues at a resolution comparable to electronic microscopy \[[@R265]\], and new biosensors that allow the detection of protein activities in subcellular regions with high spatial resolution \[[@R266]\].

To identify the roles of biophysical cues in cell regulation, precisely defined model systems with a single variable---substrate stiffness, nanotopography, or biochemical cues---are essential. Currently used substrates such as hydrogels \[[@R28]\] and elastomeric micropillar arrays \[[@R166]\] are not ideal models. As discussed in Section 2, when the stiffness of hydrogels is tuned by changing the crosslinker concentration, not only bulk stiffness but also molecular-scale material properties are altered \[[@R85]--[@R87]\]. Most micropillar array studies adopt microscale pillars and thus overlook early-stage focal complexes \[[@R186],[@R238]\]. As a matter of fact, recent studies reveal that the mechanosensing for focal adhesion formation and the coupling of focal adhesions and actin on nanopillars are fundamentally different from the processes on micropillars \[[@R171]\], and that traction force increases with size for focal adhesions larger than 1 µm^2^, whereas no such correlation exists for smaller adhesions \[[@R169]\]. These studies collectively suggest that nanoscale topographies can closely mimic continuous substrates of a specified stiffness. In addition, elastomeric micropillar arrays are usually oxidized to facilitate protein adsorption and then promote cell adhesion \[[@R166],[@R267]\]. The oxidization process may alter the substrate stiffness as well \[[@R56]\]. The peptide-tethering process can also alter the mechanical properties of the substrate, making it difficult to tune biophysical and biochemical cues independently \[[@R268]\]. Therefore, model systems containing predefined adhesive ligands are advantageous. Adhesive ligands of less than 10 nm should be precisely positioned onto the topography or embedded in the compliant substrate, allowing the uncoupling of these cues. This demands advances in nanotechnology, material synthesis, and surface chemistry. Innovative nanotechnology is needed in order to pattern a large area with a single-nanometer resolution. Block-copolymer micelle nanolithography has been used to control the position and spacing of adhesive ligands \[[@R244],[@R245]\]. Dippen nanolithography (DPN) has been used to directly write integrin α~ν~β~3~ nanoarrays to investigate the integrin α~ν~β~3~-vitronectin interaction, thus providing a powerful tool to investigate cell-substrate interactions at the single biomolecule level \[[@R269]\]. It is also highly relevant to fabricate nanoscale structures onto compliant substrates with stiffnesses matching those of their *in vivo* counterparts \[[@R144]\]. Moreover, because the mechanical properties of polymeric nanostructures may differ significantly from those in the bulk, advanced measurement tools are required to map the nanoscale property of the substrate \[[@R54],[@R270]\], not only laterally but also vertically.

5.2. Translation of biophysical regulation from 2D to 3D {#S16}
--------------------------------------------------------

Substrate stiffness and nanotopography need to be optimized for a specific cell type, ideally by using high-throughput screening techniques. Gradients of stiffness ranging from \~1 kPa to 240 kPa have been created on single substrates \[[@R239],[@R240]\], covering the stiffness of soft tissues (0.1--100 kPa) \[[@R11]\]. Libraries of topographies of various shapes and dimensions can be directly fabricated onto or stitched into a single platform \[[@R41],[@R97],[@R271]--[@R273]\], enabling the investigation of relations between the topographical configuration and the cell-fate decision under the same conditions.

Compared with simple nanotopographies, bioinspired matrices are more attractive because the matrices may provide a more suitable environment for cell functions, as they better mimic the architecture of the natural ECM \[[@R274]--[@R276]\]. Hierarchical structures composed of both microscale and nanoscale components are of interest \[[@R272],[@R276]--[@R285]\]. Microstructured titanium surfaces are shown to promote osteogenesis of osteoblasts yet inhibit their proliferation, whereas micro-nano-hybrid structures promote both osteogenesis and proliferation \[[@R276]--[@R278]\]. Another study shows that microgratings (2 µm in width, height, and spacing) overlaid with 250 nm gratings are effective in the production of dopaminergic neurons. Production of astrocytes is suppressed on microgratings with perpendicularly arranged nanogratings but promoted on those with parallel nanogratings \[[@R272]\]. To determine the exact roles played by microtopographies and nanotopographies, novel techniques such as multiple nanoimprint lithography (NIL) have been developed, in order to fabricate defined nanotopography on micropatterns \[[@R149],[@R286],[@R287]\]. However, NIL requires expensive equipment and expertise, and thus reliable yet cost-effective techniques remain highly desirable, especially techniques that can produce hierarchical structures for direct clinical use \[[@R276]\].

Although 2D *in vitro* studies help to elucidate fundamental principles of cell regulation with substrate stiffness and topographical cues, they do not recapitulate the complexity found in a 3D environment. Therefore, the biophysical cues have to be translated into a 3D milieu in order to provide the most meaningful answers \[[@R30],[@R288]--[@R290]\]. Indeed, cells have demonstrated distinct cell adhesion \[[@R288]\], morphology \[[@R291]\], proliferation, and differentiation \[[@R30],[@R292]\] in a 3D environment compared with those in a 2D environment. For example, hMSCs show the most efficient osteogenesis when cultured on top of stiff gels, while switching to predominantly terminal chondrogenesis when encapsulated within the same stiff gels \[[@R292]\]. In addition, compared with 2D conditions, cancer cells display different gene expression patterns and distinct sensitivities to chemotherapy drugs in 3D environments \[[@R293]--[@R296]\]. Moreover, many physiological (e.g., morphogenesis and organogenesis) and pathological (e.g., tumorigenesis) processes are exclusively observed in a 3D milieu \[[@R297]\]. Therefore, efforts have been made to incorporate the biophysical cues into a 3D context. For example, a conformal nanopatterning technique has been developed to pattern adhesive proteins onto topographically complex surfaces \[[@R298]\]. Gold nanoparticles conjugated with adhesion ligands are coordinated on a hydrogel matrix with tunable stiffness, including the surface of 2D gels \[[@R299]--[@R301]\] and the inner surface of micro-sized, circular channels \[[@R302]\]. Taking advantage of the fact that hydrogels can be processed under biologically permissive conditions, which allows the cells to be encapsulated inside, novel strategies have been developed to synthesize hydrogels with independently tuned stiffness, adhesive ligands, and architecture \[[@R292],[@R303],[@R304]\]. Still, it has been a long-standing challenge to preserve the merits of the 2D matrix and to control topographical and biochemical cues in all three dimensions with a physiologically relevant stiffness.

The fact that biophysical regulation is a dynamic process has often been overlooked. Biophysical characteristics of the cell microenvironment may change during developmental, physiological, and pathological processes. Changes in ECM stiffness may occur due to the production of ECM proteins, enzymatic degradation of the ECM, alterations in the remodeling process, and the extent of mineralization \[[@R305]\]. One example is tissue stiffening during fibrogenesis \[[@R306]\]. Programmable materials have recently been developed; as a result, cellular and biological processes in response to temporal alterations in stiffness \[[@R307]--[@R311]\], nanotopography \[[@R232],[@R312]\], and adhesiveness \[[@R313]\] of the matrices have been investigated. For example, studies using light-induced softening (degradable) \[[@R82]\] and stiffening (crosslinkable) \[[@R309]\] hydrogels show that stem cell differentiation is sensitive to the dynamic environment.

A comprehensive understanding of cell-substrate interactions, particularly in a 3D milieu, is not only crucial to the elucidation of many fundamental biological processes, but also beneficial for stem cell bioprocessing, endogenous tissue engineering, and the design of next-generation biomaterials and biomedical devices. Although significant challenges abound, so do the rewards.
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![Biophysical characteristics of human tissues. (a) Nanoscale structures displayed in various tissues. The arrows indicate various nanostructures. (Reproduced with permission from Ref. \[[@R6]\] for the graphical illustrations and scanning electron microscope (SEM) micrographs of bone, nerve, and skin. The graphical illustration and SEM micrographs of the alveolar interstitium are reproduced from Refs. \[[@R7]\] and \[[@R8]\], respectively) (b) Stiffness of human tissues. The fibrotic tissues become stiffer than those in normal conditions. (Reproduced with permission from Ref. \[[@R15]\])](nihms911345f1){#F1}

![Substrate stiffness affects cell differentiation. (a) Cell culture substrates with a variety of stiffnesses. (b) Relationship between stem cell differentiation and substrate stiffness; each symbol represents one cell type. PEG: poly(ethylene glycol); PCL: polycaprolactone; rMSC: rat mesenchymal stem cell; ESC: embryonic stem cell; SMC: smooth muscle cell; NSC: neural stem cell; rNSC: rat neural stem cell.](nihms911345f2){#F2}

![SEM micrographs of human corneal epithelial cells cultured on (a) a smooth silicon oxide substrate and (b--f) nanogratings. On nanogratings that are 70 nm in width, 400 nm in pitch, and 600 nm in depth (b--d), the cell adheres to the top of the nanogratings (b), and aligns along the nanograting direction (c), with filopodia extending along the top of ridges and bottom of grooves (d). In contrast, the cell elongates along nanogratings that are 1900 nm in width, 4000 nm in pitch, and 600 nm in depth (e), with lamellipodia reaching the bottom of the grooves (f). (Reproduced with permission from Ref. \[[@R112]\])](nihms911345f3){#F3}

![Interwoven substrate topographical and stiffness effects on cells. (a, b) SEM micrographs of hMSCs on (a) stiff PS and (b) pliant PDMS nanogratings. (c--e) SEM micrographs of hMSCs on PDMS micropillars with heights of (c) 0.97 µm, (d) 6.1 µm, and (e) 12.9 µm. On micropillars that are 0.97 µm in height, hMSCs are well spread in (c), but they display a rounded morphology with prominent microvilli on 12.9 µm pillars in (e). (f) Immunofluorescent images of Chinese hamster ovary (CHO) cells grown on nanogratings with different stiffnesses. Cells are immunostained for actin (red), vinculin (green), and nuclear material (blue). (Parts (a) and (b) are reproduced with permission from Ref. \[[@R159]\], parts (c--e) are reproduced with permission from Ref. \[[@R166]\], and part (f) is reproduced with permission from Ref. \[[@R167]\])](nihms911345f4){#F4}

![Transmission of biophysical signals from integrin through focal adhesions and the cytoskeleton to the nucleus. ARP: actin-related protein; FAK: focal adhesion kinase; ROCK: Rho-associated protein kinase; TAZ: transcriptional co-activator with PDZ-binding motif; VASP: vasodilator-stimulated phosphoprotein; YAP: yes-associated protein.](nihms911345f5){#F5}

![Cell migration on substrates with a step difference in (a, b) stiffness and (c--e) topography. (a) An NIH 3T3 cell migrates from the soft side toward the stiff side of the PAAm gel. (b) An NIH 3T3 cell migrates from the stiff side toward the soft side of the gel. The scale bar is 40 µ m. (c) SEM micrograph of a fibroblast cell migrating from the 1 µ m (top region) to the 2 µ m (bottom region) pillar array. The micropillar densities of the arrays are kept constant. (d) Statistics of cells migrating from a 1 µ m array toward a 2 µ m array as a function of the spring constant of the 1 µ m pillars. Red bars: percentage of cells migrating from the 1 µ m array to the 2 µ m array. Blue bars: percentage of non-migrated cells. Gray bars: percentage of cells with undefined movement. (e) Statistics of cells migrating from the 2 µ m array toward the 1 µ m array as a function of the spring constant of the 2 µ m pillars. Red bars: percentage of migrated cells on the 2 µ m array. Blue bars: percentage of cells migrated toward the 1 µ m pillars. Gray bars: percentage of cells with undefined movement. (Parts (a) and (b) are reproduced with permission from Ref. \[[@R207]\] and parts (c--e) are reproduced with permission from Ref. \[[@R238]\])](nihms911345f6){#F6}

![Cellular responses to gradients of (a) substrate stiffness, (b) nanotopography, and (c) gold nanoparticle arrays. (a) Phase contrast image of NIH 3T3 fibroblasts on a hydrogel with a gradient of stiffness. Substrate stiffnesses are given on the top, and the boxed areas are enlarged in panels (i--iii). Panel (iv) shows cell spreading on glass. (b) Upper panels: graphical illustration and SEM micrograph of 1205Lu melanoma cell on the nanopillar gradient. Lower panels: magnified boxed areas showing filopodia structure in the region of denser (blue box) and sparser (red box) pillars. (c) (i) Scheme of the gold nanoparticle array. (ii, iii) SEM micrographs of MC3T3-EI osteoblasts on the gold nanoparticle array of \~60 nm in spacing. The inset in (iii) shows a close-up of cellular protrusions interacting selectively with the gold nanoparticles. (iv) A 40° tilted view of cellular protrusions interacting with the gold nanoparticles. (v) Cells grown on the gold nanoparticle array with patch spacing from \~50 nm to \~80 nm. The stitched phase-contrast images (top) show cell spreading on the array, and the enlarged boxed areas (bottom) show the cells on areas having \~50 nm, \~60 nm, \~70 nm, and \~80 nm patch spacing. Scale bars: (ii) 500 nm, (iii) 200 nm (inset: 100 nm), (iv) 100 nm, (v) 100 mm. (Part (a) is reproduced with permission from Ref. \[[@R239]\], Part (b) is reproduced with permission from Ref. \[[@R241]\], and Part (c) is reproduced with permission from Ref. \[[@R244]\])](nihms911345f7){#F7}

![A proposed mechanism for mechanosensing-induced cell organization. The local elastic property of the matrix is represented by linear springs with different spring constants *K*. (a) In an isotropic matrix, all spring constants are the same, the forces generated at different contacts are similar, and the cell does not orient in a specific direction. (b) In an anisotropic matrix, the force generation is favored at the contacts with larger spring constants, leading to cell orientation in the direction of maximal stiffness. (Adapted with permission from Ref. \[[@R250]\])](nihms911345f8){#F8}
